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Extending the Depth Limit of Multiphoton Microscopy
for in vivo Brain Imaging
by
David Roger Miller, M.S.E.
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Supervisor: Andrew K. Dunn
The benefit of high-resolution imaging provided by optical microscopy has
resulted in many discoveries in both biology and neuroscience. Two-photon
fluorescence microscopy (2PM) is widely used for in vivo brain imaging to
visualize cerebral vasculature and neuronal physiology. Conventional 2PM
using titanium-doped sapphire oscillators is typically limited to imaging depths
less than 600 µm due to their short excitation wavelengths (700 -1,000 nm) and
low pulse energy (∼10 nJ). The ideal approach for deep imaging is to use both
longer wavelengths to reduce the effects of scattering by heterogeneous brain
tissue and higher energy pulses such that more photons reach the excitation
volume at deeper tissue depths.
I perform high-resolution, non-invasive, in vivo deep-tissue imaging of
the mouse neocortex using multiphoton microscopy with a high repetition rate
optical parametric amplifier (OPA). The OPA outputs 400 nJ pulse energies
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and is tunable from 1,100 to 1,400 nm. The tunability of the OPA is an
advantage over other high-pulse-energy lasers because the OPA wavelength
can be matched to the peak absorption of the target fluorophore, enabling
the excitation of numerous different fluorophores. I demonstrate an imaging
depth of 1,200 µm in vasculature labeled with Texas Red and 1,160 µm in
neurons labeled with tdTomato, and perform line scans as deep as 1200 µm to
measure the blood flow speed in a single capillary. I also demonstrate deep-
tissue imaging using Indocyanine Green (ICG), which is FDA approved and a
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Optical imaging offers non-invasive, high-resolution in vivo microscopy
techniques to observe brain tissue and its surrounding environment. Tra-
ditional fluorescence microscopy, including confocal microscopy, using one-
photon excitation is limited to imaging the superficial tissue surface due to
the scattering of short excitation wavelength light in heterogeneous brain tis-
sue. To overcome depth limitations, nonlinear multiphoton excitation is widely
used. Two-photon fluorescence laser-scanning microscopy (2PM), developed
in the early 1990’s [1], uses an ultrafast laser to cause two-photon excitation of
a fluorophore in a confined excitation volume. An image is formed by scanning
a focused laser beam across a sample as fluorescence is detected. 2PM requires
ultrafast lasers to generate sufficient photon density to cause two-photon ex-
citation. The common laser used for 2PM is a titanium-doped sapphire (Ti:S)
oscillator because it reliably outputs mode-locked femtosecond pulses with high
average power. Ti:S oscillators typically have a maximum pulse energy of 20
nJ (1.5 W average power at repetition rate of 76 MHz) and temporal pulse
widths around 100 fs. Ti:S oscillators provide a tunable excitation wavelength
between 700 and 1,000 nm, which covers the peak two-photon absorption of
a myriad of common fluorophores thus contributing to the popularity of Ti:S
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oscillators. 2PM performed with Ti:S oscillators has been shown to reach a
maximum imaging depth of 800 µm in the neocortex [2].
One strategy to extend imaging depth is to regeneratively amplify the
output of a Ti:S oscillator to create higher energy pulses on the order of micro-
joules [3]. Higher energy pulses result in more photons reaching the excitation
volume at deeper tissue depths. Theer et al. demonstrated an imaging depth
of 1,000 µm using a regeneratively amplified Ti:S oscillator at a center wave-
length of 925 nm with a maximum pulse energy of 3 µJ (600 mW at repetition
rate of 200 kHz) [4]. Another strategy to extend imaging depth is to use optical
parametric oscillators with longer excitation wavelength to reduce the effects
of scattering by tissue. Kobat et al. demonstrated an imaging depth of 1.6
mm using 1,280 nm excitation light with 1.5 nJ pulse energy (80 MHz repeti-
tion rate) [5]. The ideal approach for deep imaging is to use both high-energy
pulses and longer excitation wavelengths, in particular excitation wavelengths
near 1,300 nm or 1,700 nm at which the attenuation length of mouse cortex is
maximized. Horton et al. demonstrated an imaging depth of 1.4 mm with a
soliton self-frequency shifted fiber laser at 1,700 nm with a 67 nJ pulse energy
(1 MHz repetition rate) [6].
In this thesis, I demonstrate in vivo deep-tissue imaging in mouse cor-
tex using an optical parametric amplifier (OPA) that is tunable between 1,100
and 1,400 nm. The tunability of the OPA across a wide spectrum is an ad-
vantage over other high-pulse-energy lasers because the OPA wavelength can
be matched to the peak absorption of the target fluorophore. I achieve an
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imaging depth of 1,200 µm in vasculature labeled with Texas Red, and 1,160
µm in neurons expressing tdTomato. Of particular interest to clinicians, I
demonstrate deep-tissue 2PM imaging with ICG. ICG is FDA-approved as a
contrast agent for humans (ICG angiography is widespread in ophthalmology
for retinal blood vessel imaging) and is a promising route to apply multiphoton
microscopy to clinical applications [7, 8].
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Chapter 2
Design, build, and characterize a multiphoton
microscope system optimized for deep imaging
Design and build laser system
An ultrafast optical parametric amplifier (OPA) has the advantage that
it is tunable across a wide spectrum range while maintaining high pulse energy.
The spectrum range of the OPA depends on the nonlinear crystal used for para-
metric amplification. Since longer wavelengths are scattered less in the brain,
β-barium borate (BBO) crystals are desirable for multiphoton microscopy to
obtain a tunable wavelength range from 1,100 nm to 1,400 nm. Additionally,
BBO crystals have a high nonlinearity promoting more efficient parametric
amplification, and have small dispersion effects for ultrafast pulses [9].
An OPA requires intense input pulses on the order of a few microjoules
to allow efficient conversion to longer wavelengths in the BBO crystal. This is
done by regeneratively amplifying a Ti:S oscillator seed. Regenerative ampli-
fiers typically have a maximum repetition rate of 250 kHz, which also limits
the OPA to a repetition rate of 250 kHz. A faster repetition rate enables
faster imaging speed, or longer pixel dwell times. This is advantageous for
deep imaging of vasculature labeled with fluorescent dyes because the time at
which the vasculature contains a high concentration of the dye is maximized.
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Many dyes will clear quickly which significantly reduces the fluorescent signal
and consequently imaging depth. To increase the repetition rate of a standard
OPA system, a custom synchronization and delay generator was implemented
to control the injection of the Ti:S oscillator seed into the regenerative am-
plifier. By controlling the injection of the seed pulse with an external clock
trigger instead of using a clock derived from the Ti:S oscillator repetition rate,
the regenerative amplifier can operate at a repetition rate up to 511 kHz while
maintaining pulse energies above 5 µJ.
During amplification of ultrafast pulses at high repetition rates such as
511 kHz, third-order dispersion becomes an issue. Third-order dispersion is
difficult to compensate for in a compressor and causes significant reduction in
the efficiency of parametric amplification inside the OPA. In the initial design
of the regenerative amplifier, the pulse was stretched during the amplification
process by passing through a TeO2 Q-switch which is highly dispersive. The
pulse was then compressed by a holographic grating in a 4-pass configuration
after amplification. Using this mechanism of stretching and compressing, I
observed that doubling the repetition rate of the regenerative amplifier from
250 kHz to 511 kHz also doubled the output power from 1.5 W to 3 W. Thus, I
expected the OPA to follow the same trend; however, I observed little increase
in the OPA average power at double the repetition rate. Looking at an au-
tocorrelation trace of the regenerative amplifier pulse, it was obvious that the
pulse contained third-order dispersion “wings,” which indicated the pulse was
not properly being stretched and compressed. This reduced the photon den-
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sity at the interaction site in the OPA BBO crystal and consequently reduced
the conversion efficiency of the 800 nm input light to longer wavelengths. To
reduce the effects of third-order dispersion, the Ti:S oscillator seed pulse was
externally stretched by a grating before entering the regenerative amplifier in-
stead of stretching the pulse during each round-trip of amplification inside the
regenerative amplifier. This enabled the use of a non-dispersive Q-switch in
the regenerative amplifier that was optimized to handle the bandwidth of the
Ti:S oscillator seed, resulting in significantly less third-order dispersion. Ad-
ditionally, a new grating compressor was installed on a motorized stage which


























Figure 2.1: The optical parametric amplifier (OPA) laser system. A Ti:S
oscillator seeds a regenerative amplifier. The amplified pulse is converted to a
longer wavelength by the OPA.
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The OPA laser system is shown in Figure 2.1. A λ=800 nm mode-
locked Ti:S oscillator (Mira 900, Coherent) is externally stretched to seed
a regenerative amplifier (RegA 9000, Coherent) that is custom-modified to
operate at a tunable repetition rate up to 511 kHz. The seed pulse is amplified
to a pulse energy of 6 µJ (average power of 3 W at 511 kHz) and then externally
compressed. Next, the compressed 800 nm high-energy pulse is converted to a
longer wavelength by an OPA (OPA 9800, Coherent) that is tunable between
1,100 and 1,400 nm with a maximum pulse energy of 400 nJ at 511 kHz.
Characterize laser characteristics
To achieve efficient two-photon excitation, laser pulses near 100 fs are
desirable. The OPA laser system pulse width is dictated by the Ti:S oscilla-
tor seed because its bandwidth determines the lowest possible pulse width of
the compressed regenerative amplifier pulse. The regenerative amplifier com-
pressed pulse width significantly affects not only the OPA pulse width but also
the OPA output power as discussed above. The Ti:S oscillator is optimized to
operate at the minimum angle of deviation for both of its Brewster prisms to
achieve the largest bandwidth. I regularly achieve a bandwidth of 12 nm full-
width half-maximum (FWHM) in the Ti:S oscillator, equating to a minimum
pulse width of roughly 70 fs after the compressor assuming a time-bandwidth
product of 0.4 (in between a Gaussian and hyperbolic secant squared pulse
shape). I measured the pulse width after the compressor to be 105 fs, which is
approaching Fourier-transform limited. As the pulse travels from the OPA to
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the microscope, it undergoes some dispersion (primarily in the microscope ob-
jective). The OPA temporal pulse width, as measured by in situ second order
autocorrelation [10], at the output of the microscope objective was measured


































Figure 2.2: OPA temporal and spectral characteristics. (a) Interferometric
autocorrelation trace of the OPA pulse after the microscope objective. The
measured temporal pulse width was τ=119 femtoseconds. (b) Spectrum of
OPA for imaging tdTomato at 1,140 nm, Texas Red at 1,280 nm, and ICG at
1,325 nm.
Fig. 2.2(b) shows the OPA spectrum used for imaging various flu-
orophores: tdTomato (λ=1,140 nm), Texas Red (λ=1,280 nm), and ICG
(λ=1,325 nm). The OPA can consistently output an average power above
150 mW for the tuning range from 1,140 nm to 1,330 nm, and can operate
down to 1,100 nm and up to 1,400 nm with the average power falling off to ap-
proximately 50 mW. The OPA bandwidth is about 70 nm FWHM, indicating
that the OPA pulse is not Fourier-transform limited and thus could be fur-
ther compressed. Ideally, the OPA pulse would be pre-chirped to achieve the
minimum pulse width at the output of the microscope objective. Pre-chirping
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means compensating for the positive dispersion imparted by the microscope
optics by applying negative dispersion to the pulse before it enters the micro-
scope. I have opted not to compress the OPA pulse because the maximum
grating efficiency is only 70%. Since the maximum imaging depth is propor-
tional to the log of the excitation power whereas its proportional to the log
of the square root of the pulse width, it seems advantageous to opt for more
power instead of shorter pulse widths. However, future improvements in the
OPA power may cause the OPA to approach the safe threshold power limit in
which the excitation power would have to be reduced anyways, so it would be
worth losing 30% of the light for a shorter pulse.
Improve microscope optics for longer excitation wavelength light
Before my tenure in the Dunn lab at UT Austin, a custom upright
two-photon microscope was built as described in [11]. The microscope optics
were designed for Ti:S oscillator excitation wavelengths between 800 and 900
nm, and the microscope was not optimized for large scan angles which resulted
in vignetting when trying to image more than a 400 µm by 400 µm area. In
preparation for deep-tissue imaging with the OPA, I modified the microscope
for longer excitation wavelengths and optimized the scanning optics.
The previous microscope used a f=20 mm bi-convex scan lens (NIR-
coated) and f=125 mm bi-convex tube lens (NIR-coated) to expand the beam
by 6X such that the incoming 3 mm laser beam would fill the 18 mm back
aperture of the microscope objective. To avoid vignetting, the scan lens was
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designed to be placed a focal length away from the scanning galvanometer mir-
rors such that there is no lateral displacement of the expanded beam on the
back aperture of the objective. Due to the large beam size and consequently
large galvanometer mirrors (5 mm), vignetting occurred when scanning over
large areas because the optical path varied by about 4 mm between the gal-
vanometer mirrors and scan lens, resulting in alignment error up to 20%. In
conclusion, the focal length of the scan lens (20 mm) was not sufficiently larger
than the change in the optical path for large scan angles.
To remedy the problem, I investigated using a longer focal length scan
lens. The previous microscope expanded the beam by 6X, however I found that
the beam had diverged to a diameter of 4 mm when it reached the galvanometer
mirrors, thus only a 5X expansion was needed to back fill the 18 mm aperture.
In choosing the focal length of the scan and tube lens, the microscope casing
posed a restriction to the amount that the galvanometer mirrors could be
raised to accommodate longer focal lengths. I found that the maximum focal
lengths allowed to expand the beam 5X while fitting within the microscope
casing was a f=40 mm scan lens and f=200 mm tube lens.
A second design consideration was avoiding lenses that contain sig-
nificant amount of metal dopant ions, namely short focal length lenses and
doublets, which undergo luminescence at near infrared wavelengths [12]. To
achieve high indices of refraction, rare-earth elements are often added to the
optical glass; while this enables lenses to be made thinner and thus reduce
spherical aberration, the dopant ions undergo upconversion and luminesce in
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wavelength regions that interfere with the detection of intended fluorescent
signal [12]. The upconversion process involves real energy states, not virtual
states as in two-photon excitation. Thus, the likelihood of the unwanted lu-
minescence increases with the amount of spatial interaction of the laser pulse
and glass, as opposed to locations of high peak pulse energy due to focusing of
the beam. Therefore, luminescence was more likely occurring in the tube lens
rather than the scan lens since the beam is about 20 mm when it reaches the
tube lens compared to 4 mm when it reaches the scan lens. I chose to imple-
ment a Plössl eyepiece design for the scan lens which uses identical achromatic
doublets placed symmetrically around a minute air gap. For multiphoton mi-
croscopes, a Plössl design outperforms a single achromatic doublet in terms of
reducing aberrations [13]. To investigate whether to use an achromatic doublet
or plano-convex lens for the tube lens, I modeled each design in the ray-tracing
program Zemax. Design A used a f=40 mm Plössl scan lens and a f=200 mm
achromatic doublet tube lens, while Design B used a f=40 mm Plössl scan
lens and a f=200 mm plano-convex tube lens. Although one would expect
better performance with an achromatic doublet for the tube lens (Design A),
the plano-convex lens uses significantly less dopants and thus would alleviate
concerns about unwanted luminescence generated in the lens.
I modeled the scan angle for three different configurations: on-axis, 3◦
off-axis in the x-direction (which equates to a 2 mm by 2 mm scan area for
the 20X objective), and 3◦ off-axis in the y-direction. I used the Olympus
XLUMPLFLN 20X 0.95 NA microscope objective in the model to determine
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the wavefront aberration at the focus of the objective using a custom merit
function. While I wanted to optimize the multiphoton microscope for the
OPA excitation wavelengths between 1,100 and 1,400 nm, the microscope is
also used for imaging at 800 nm with a Ti:S oscillator and near 1,050 nm
with a fiber laser. For this reason, I chose to use Thorlabs’ B-coating for the
optics, which has greater than 99.5% transmission from 700 to 1080 nm and
greater than 95% transmission out to 1,400 nm. While the Thorlabs C-coating
would be more ideal for the OPA wavelengths as it has a transmission above
99.5% from 1,100 to 1,400 nm, the C-coating performs poorly at 800 nm (85%
transmission). Table 2.1 shows the RMS wavefront aberration at the focus of
the objective for Design A and B for 800, 1,000, and 1,300 nm over the three
aforementioned scan angles. Note that a wavefront error RMS of 0.072 waves
or less is considered diffraction-limited [13].
Table 2.1: RMS wavefront aberration (in units of waves) at the objective
focus for Design A and B, displayed as Design A / Design B.
Design A / Design B
λ (nm) On-Axis 3◦ in X 3◦ in Y
800 .087/.198 .076/.191 .162/.295
1,000 .031/.031 .031/.129 .085/.073
1,300 .068/.200 .012/.299 .089/.281
The results of Table 2.1 indicate the difficulty in optimizing scanning
optics over a large wavelength range from 800 nm to 1,300 nm for large scan an-
gles as neither design achieves diffraction-limited resolution for all wavelengths
over all scan angles. The best wavelength for both designs is 1,000 nm, which
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is likely a product of it being in the middle of the three selected wavelengths
and the choice of Thorlabs B optical coatings, which are optimized for wave-
lengths from 700 to 1,100 nm. Design A clearly out performs Design B as only
a few configurations in Design A are far from diffraction-limited, whereas just
2 of 9 configurations are diffraction-limited for Design B. However, Design B
does not lag too far behind Design A. I chose Design B to ensure luminescence
would not disrupt the collection of intended fluorescent signal.
Another necessary improvement was the collection efficiency of the flu-
orescent light. The previous microsope used a 740dccxr dichroic (Chroma)
to reflect the fluorescent light toward the detector while letting the excita-
tion light pass through. The 740dccxr dichroic has a transmission of greater
than 98% from 750 to 850 nm, making it ideal for Ti:S oscillator wavelengths.
However, the 740dcxxr has less than 1% transmission above 1275 nm. The
740dcxxr dichroic was thus replaced with a 775 nm edge multiphoton dichroic
(Semrock) that has greater than 96% transmission from 780 nm to 1600 nm,
thus allowing both the OPA excitation wavelengths to pass through as well as
the Ti:S oscillator (800 nm) and fiber laser (1,050 nm).
For some deep imaging experiments, fluorescent dyes that emit fluo-
rescence longer than 780 nm are desirable. For example, Indocyanine Green
(ICG) emits near 830 nm. Dyes with red-shifted emission spectrum such as
ICG have the benefit that the fluorescence is less scattered by heterogenous
brain tissue. For these experiments, a dichroic that would pass the OPA
wavelengths but reflect fluorescence below about 850 nm is needed. I opted
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for a 875 nm edge multiphoton dichroic (Semrock) that has greater than 96%
transmission from 900 nm to 1500 nm. Additionally, a detector that was
sensitive to fluorescence near 800 nm was needed. The previous microscope
used photomultiplier tube (PMT) detectors with peak sensitivity at λ=580 nm
(H10770PB-40, Hamamatsu Photonics) in both detection channels. While the
-40 PMTs are adequate for detecting fluorescence in the visible range, which
is typical for fluorophores excited by Ti:S oscillators, they are weakly sensi-
tive to fluorescence near 800 nm. Thus, the option of using a PMT with peak
sensitivity at λ=800 nm (H10770PB-50, Hamamatsu Photonics) was installed.
Figure 2.3 shows the microscope design. The laser is scanned with
an xy-galvanometer mirror pair (Cambridge Technologies, 6125H), and then
expanded via a Plössl scan lens (40 mm) and tube lens (200 mm) to fill the back
aperture of the microscope objective (XLUMPLFLN 20X 0.95 NA, Olympus).
Fluorescence is epi-collected and directed to the PMT detectors by dichroic
mirror DM1 and split into two channels by dichroic mirror DM2. The collected
PMT signal is synchronized with the regenerative amplifier. Custom software

















Figure 2.3: Custom-built upright multiphoton microscope. The laser beam
is controlled laterally by x-y scan mirrors. The beam is then expanded by
5X by a 40 mm scan lens and 200 mm tube lens. Dichroic mirror 1 (DM1)
passes through the laser light to a high numerical aperture objective with low
magnification. The sample is placed at the focus of the objective. Fluorescence
is dpi-collected back through the objective and directed to the detector arm by
DM1. Dichroic mirror 2 (DM2) splits the fluorescence into two channels: red
and green. The green channel fluorescence is measured by photomultiplier tube
1 (PMT1) which is a -40 PMT, and the red channel fluorescence is measured
by photomultiplier tube 2 (PMT1) which can be either a -40 PMT for shorter
emission wavelengths or a -50 PMT for longer emission wavelengths.
15
Chapter 3
In vivo Multiphoton Microscopy Imaging of
the Mouse Cortex
To demonstrate the ability of the OPA laser system to image deep
tissue, I performed in vivo multiphoton microscopy with three different flu-
orophores: Texas Red and ICG to label vasculature, and tdTomato to label
neurons. The OPA laser system has the ability to image beyond 1 mm in all
three fluorophores, extending the traditional depth limit in 2PM.
Two-photon microscopy images were separately acquired in different
mice for the three fluorophores - Texas Red, ICG, and tdTomato. Appro-
priate emission filters were placed in front of each PMT. For imaging Texas
Red, a 750 nm short pass (FF01-750/SP-25, Semrock) and 610 nm band pass
(HQ/610/75M, Chroma) were used. For imaging ICG, a 594 nm long pass
(BLP01-594R-25, Semrock) and 830 nm bandpass (RT-830, Edmund Optics)
were used. For imaging tdTomato, a 750 nm short pass and 609 nm band
pass (FF01-609/181-25, Semrock) were used. For imaging Texas Red and td-
Tomato, I used the 775 nm edge dichroic for DM1 and -40 PMT; for imaging
ICG, I used the 875 nm edge dichroic for DM1 and -50 PMT. Heavy water
was used as the immersion medium to reduce absorption of the OPA excitation
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light. Each pixel corresponds to two pulses from the OPA. All frames are 512
by 512 pixels and all stacks are in 5 µm depth increments. The laser power was
adjusted throughout each stack with a half-wave plate and polarizing beam
splitter to ensure sample damage did not occur [14]. I observed no damage to
vasculature or neurons and was able to image the mice chronically. Rendering
of three-dimensional (3D) stacks was performed with visualization software
(Aviso standard, VSG). The yellow dotted line in each 3D stack signifies the
reference plane for which all frames below were normalized; all frames above
were normalized individually.
All animal procedures were approved by The University of Texas at
Austin Institutional Animal Care and Use Committee. Cranial window im-
plants were prepared in C57 mice and left the dura intact as described in [15].
Mice were anesthetized with isoflurane throughout surgery and imaging. Body
temperature was maintained at 37.5◦ Celsius and 0.1 mL subcutaneous injec-
tions of 5% (w/v) glucose in physiological saline were applied every 2 hours.
For imaging Texas Red and ICG, a retro-oribtal injection of the fluorescent
dye was performed to label blood plasma in the vasculature. For imaging td-
Tomato, neurons were labeled by cortical injection of adeno-associated viral
vectors carrying a tdTomato plasmid. Imaging sessions were performed a week
following the delivery of the viral vectors.
Fig. 3.1(a) demonstrates an imaging depth of 1,200 µm for vasculature
labeled with Texas Red. The excitation power was increased to maintain
similar signal levels down to 800 µm, at which point full power was reached
17
equating to 34 mW at the sample surface (transmission of the objective at
1,280 nm is 32%). In Fig. 3.1(b), individual blood vessels can be seen with
high contrast beyond 800 µm, and still resolved beyond 1,100 µm. During
the acquisition of the 3D stack, I averaged for 5 frames from 0 to 500 µm, 10
frames from 500 to 700 µm, and 30 frames from 700 to 1,200 µm. Fig. 3.1(c)
demonstrates the system’s ability to perform line scan in individual capillaries
at an imaging depth of 1,200 µm. During a line scan, the laser is scanned back
and forth over a blood vessel, which causes red blood cells flowing through the
vessel to appear as streaks. The streaks are analyzed to reveal the blood flow
velocity in the vessel. In Fig. 3.1(c), the highlighted red line (top) indicates
the position of the line scans (bottom). To the best of my knowledge, this is
the deepest line scan performed in vivo to date. The blood flow speed was
measured to be 1.1 ± 0.1 mm/s.
Figure 3.2(a) shows a 3D rendering of vasculature labeled with ICG
with an imaging depth of 1,000 µm. Blood vessels can be resolved throughout
the stack. Excitation power was increased to maintain similar signal levels
down to 750 µm at which point full power was reached equating to 20 mW at
the sample surface (the transmission of the objective at 1,325 nm is 28%). ICG
is FDA approved for human use and is commonly used for ICG angiography
in ophthalmology. Its far-red fluorescence emission near 830 nm makes it an
ideal candidate for translating deep-tissue multiphoton microscopy to clinical
applications. One draw back to ICG for deep imaging is its quick clearance
time. I found that ICG was significantly cleared from cerebral vasculature after
18
30 minutes, which caused a heterogeneous distribution of fluorescence signal
throughout the 3D reconstruction in Fig. 3.2(a). After the first injection of
ICG, it took approximately 15 minutes to select a region of the brain without
large surface vessels, which can cause significant out-of-focus fluorescence at
deep imaging depths. Thus, the ICG dye had started to clear by the time the
first 400 µm were imaged, which is why only large vessels are visible in the
first 400 µm. At 400 µm, more ICG was injected and then imaging began
immediately afterwards; thus, there is a clear increase in signal starting at 400
µm. Only two injections of ICG were performed to avoid injecting more than
20% of the mouse’s total blood volume, which limited the number of frames
over which I could average such that the stack could be acquired before the dye
cleared. I performed a 5 frame average from 0 to 700 µm below the surface,
8 frame average from 700 to 800 µm, 10 frame average from 800 to 900 µm,
and 12 frame average from 900 to 1,000 µm.
Figure 3.3(a) demonstrates an imaging depth of 1,160 µm in neurons
expressing tdTomato. Excitation power was increased to maintain similar sig-
nal levels down to 850 µm at which point full power was reached equating
to 40 mW at the sample surface (the transmission of the objective at 1,140
nm is 52%). The delivery of tdTomato causes roughly a 200 µm by 200 µm
transversal area of expression after a week following injection. The expression
is strongest in the center of the transversal area, which is why the 3D recon-
struction in Fig. 3.3(a) appears saturated in the transversal center. Individual
neurons and their dendrites are visible throughout the stack, as shown in the
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x-y intensity projections in Fig. 3.3(b). Fluorescent proteins like tdTomato
have the advantage that they are not cleared, and they are typically much
brighter than fluorescent dyes. For the 3D reconstruction of neurons labeled
with tdTomato in Figure 3.3(a), I averaged for 5 frames from 0 to 800 µm, 8
frames from 800 to 900 µm, 20 frames from 900 to 1,000 µm, and 25 frames
from 1,000 to 1,1600 µm.
In conclusion, the benefits of the OPA - high pulse energy and long
excitation wavelengths at which scattering in the mouse brain is minimized -
enable it to extend the traditional imaging depth of 2PM. I have demonstrated
that the OPA system can reach an imaging depth of 1,200 µm in vasculature
and 1,160 µm in neurons. Next, I will examine the expected maximum imaging







































Figure 3.1: In vivo two-photon microscopy images of vasculature labeled with
Texas Red. (a) 3D reconstruction of a 1,200 µm stack of vasculature labeled
with Texas Red. (b) x-y intensity projections of stack shown in (a). (c) (top)
x-y intensity projection at depth of 1200 µm. A line scan was performed at
the highlighted red line. (bottom) Line scan at depth of 1200 µm. All scale








Figure 3.2: In vivo two-photon microscopy images of vasculature labeled with
ICG. (a) Three-dimensional reconstruction of a 1,000 µm stack. (b) x-y in-
tensity projections of stack shown in (a). All scale bars are 50 µm.
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(b)(a) 200-210 μm 285-290 μm
310-320 μm 475-500 μm




Figure 3.3: In vivo two-photon microscopy images of neurons labeled with td-
Tomato. (a) Three-dimensional reconstruction of a 1,160 µm stack of neurons
within a mouse brain. (b) x-y intensity projections from stack shown in (a).
All scale bars are 50 µm.
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Chapter 4
What is the Maximum Imaging Depth for
Multiphoton Microscopy?
There are two competing theories to determine the maximum imaging
depth, zmax, for 2PM. The first defines the maximum imaging depth when the







becomes unity [4]. Here, NA is the numerical aperture of the objective, λ is
the excitation wavelength, n is the index of refraction of the medium, and ls
is the scattering length of mouse brain cortex. The underlying assumption
for this theory is that out-of-focus fluorescence generated at the surface due
to the increasing beam cross section at the surface eventually overpowers the
fluorescent signal generated at the focus. While this condition is certainly true
if there are large surface blood vessels above the focus, the situation can be
avoided by finding brain regions with no large surface vessels.
The second theory bases the maximum imaging depth on the signal-to-
noise ratio, not the signal-to-background ratio. The maximum imaging depth
is defined as










where σ2 is the two-photon absorption cross section, nmin is the minimum
number of photon pairs absorbed per fluorophore per unit time, τ is the pulse
width, f is the repetition rate of the laser, h is Planck’s constant, c is the
speed of light in vacuum, and 〈P 〉 is the average power of the laser. This
equation seems more accurate as it accounts for the brightness of the target
fluorophore σ2 as well as the laser characteristics f and τ . The imaging results
presented in Chapter 3 support this theory. To evaluate whether Equation 4.2
agrees with experimental results, I evaluated zmax for Ti:S oscillators, regener-
ative amplifiers, optical parametric oscillators (OPO), and optical parametric
amplifiers for typical laser parameters, shown in Table 4.1.
Table 4.1: Imaging parameters used for modeling the maximum imaging
depth for titanium-doped sapphire oscillators (Ti:S), regenerative amplifiers
(RegA), optical parametric oscillators (OPO), and optical parametric ampli-
fiers (OPA). Note that 〈P 〉 is the average power at the sample surface.
Ti:S RegA OPO OPA
f (MHz) 76 .250 80 .500
τ (fs) 100 100 140 120
〈P 〉 (mW) 560 45 120 30
NA 1.0 1.0 1.0 1.0
σ2 (GM) 50 50 50 50
Figure 4.1 shows the maximum imaging depth for each laser assuming
a NA of 1.0, two-photon cross section of σ2=50 GM, and nmin such that
nmin
f
·Np ·Nf = 50 , (4.3)
where Np is the number of pulses per pixel and Nf is the number of frames
averaged at the maximum imaging depth.
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Figure 4.1: Maximum imaging depth for a Ti:S oscillator, regenerative ampli-
fier (RegA), optical parametric oscillator (OPO) and amplifier (OPA).
Figure 4.1 is in general agreement with experimental results. The pre-
dicted maximum imaging depth for a: Ti:S oscillator is around 800 µm as
found in [2], regenerative amplifier is around 1,000 µm as found in [4], and
OPO is around 1,500 µm as found in [5]. The maximum imaging depth of
the OPA is about 150 µm more than the OPO at each wavelength, a result
of higher energy pulses penetrating deeper into tissue. The imaging results
displayed in Chapter 3 demonstrate an imaging depth of 1,200 µm, which is
about 400 µm from the theoretical limit (assuming a 50 GM fluorophore). The
reason the presented imaging results in Chapter 3 are not near the maximum
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imaging depth is due to the attenuation of the OPA power as it travels from
the laser to the sample surface. I will discuss methods to improve upon this
in the next chapter.
Figure 4.1 arbitrarily uses 50 GM as the fluorophore brightness, how-
ever, it would be useful to characterize the imaging depth for each individual
fluorophore based on its wavelength-dependent two-photon action cross sec-
tion. A complete characterization of the brightness combined with a model
predicting maximum imaging depth will help to identify the optimal wave-
lengths for deep imaging. Another parameter to consider is the wavelength-
dependent output power of the OPA (only the Ti:S oscillator power was mod-
eled as wavelength-dependent in Figure 4.1). Future work should incorporate
the wavelength dependence of both absorption cross sections and laser power




Toward Reaching the Maximum Imaging
Depth for Multiphoton Microscopy
Increasing the OPA power at the sample surface
The power reaching the sample is currently the limiting factor in imag-
ing depth. To achieve higher power at the sample, two methods will be imple-
mented. First, the regenerative amplifier will be increased to a repetition rate
of 750 kHz while maintaining the same pulse energy, which should increase
the OPA output power by 50%. Second, a microscope objective with coatings
optimized for the OPA excitation wavelengths will be used, increasing the
transmission from 30% to greater than 70%. The improvement in transmis-
sion between the current objective (XLUMPLFLN 20X W) and new objective
(XLPLN 25X WMP2) is shown in Figure 5.1. Additionally, the XLPLN 25X
WMP2 microscope objective has a working-distance of 4 mm, enabling the
possibility for imaging beyond 2 mm, which is the working distance of the
XLUMPLFLN 20X W objective.
Optimizing the target fluorophore and excitation wavelength
To further extend imaging depth, it is crucial to know what fluorophores
are brightest and at what excitation wavelengths. The two-photon action
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XLPLN 25X WMP2 with 1600 nm coatings
XLUMPLFLN 20X W
Figure 5.1: Comparison of transmission of current objective and new objective
with long-wavelength coatings.
cross section is a measure of brightness for a fluorophore at a particular wave-
length. The two-photon action cross sections for most common fluorophores
have been characterized for the Ti:S oscillator wavelength range from 700 to
1,000 nm [16–19], including for fluorescent proteins [20]. This has lead to a rise
in popularity of 2PM with Ti:S oscillators because users can quickly identify
the ideal fluorophore for their application. Unfortunately, there is little liter-
ature characterizing the two- and three-photon cross sections of fluorophores
for the OPA wavelength range from 1,100 to 1,400 nm. In fact, I am aware of
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just two papers in the literature that report cross section values between 1,100
and 1,400 nm [21,22], even though there are increasingly more papers demon-
strating in vivo deep-tissue imaging at longer wavelengths [5, 6, 15]. There is
thus a strong need to characterize the two- and three-photon cross sections of
common fluorophores at longer wavelengths.
I performed preliminary work identifying multiple common fluorophores
that undergo two- or three-photon excitation at longer wavelengths. To de-
termine whether the fluorescence from each fluorophore was the result of two-
photon excitation (2PE) or three-photon excitation (3PE), I measured the
dependence of the fluorescence on excitation power in a cuvette. The slope
of the logarithmic plot indicates whether the generated fluorescence is due to
2PE or 3PE. Figure 5.2 shows the power dependence for the fluorescent dyes:
Fluorescein, Rhodamine B, Ruthenium, Texas Red, and ICG, and the fluo-
rescent protein: yellow fluorescent protein (YFP). The power dependence was
determined by exciting Fluorescein, Ruthenium, and Rhodamine B at λ=1243
nm, Texas Red at λ=1296 nm, YFP at λ=1330 nm, and ICG at λ=1315 nm.
A slope near 3.0 for Fluorescein, Rhodamine B, Ruthenium, and YFP indicate
they undergo 3PE. A slope near 2.0 for ICG indicates it undergoes 2PE. Near
an excitation wavelength of 1,280 nm, Texas Red undergoes 2PE at low ex-
citation powers; however, Texas Red undergoes both 2PE and 3PE at higher
excitation powers, indicated by a slope of 2.53. For the imaging experiments
with Texas Red shown in Fig. 3.1, we expect that the excitation power at the














Figure 5.2: Logarithmic power dependence plot for common fluorophores. The
slope indicates the n-photon excitation.
Accurately measuring the two- and three-photon action cross section of
a fluorophore is difficult due to the many parameters that must be measured.
The three-photon action cross section, ησ3, is defined as:








where η is the fluorescence quantum efficiency, σ3 is the three-photon absorp-
tion cross section, 〈F (3)(t)〉 is the time-averaged fluorescence photon flux, φ is
the system collection efficiency, C is the concentration of the fluorophore, no
is the refractive index of the sample media, and λ is the excitation wavelength
in vacuum. Measuring the system collection efficiency of a system is difficult,
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and the nonlinear dependence of the three-photon cross section on numerous
parameters makes the measurements very sensitive to any errors. I performed
the measurement of the three-photon action cross section of Fluorescein, shown
in Figure 5.3, following the methods presented in [22]. The measurement is in
good agreement with one previously published value [22]. Future work should
aim to measure the action cross sections for all aforementioned fluorescent dyes
and proteins as well as other common fluorophores.






































The deep-imaging multiphoton microscopy imaging system described
extends the imaging depth of traditional two-photon microscopy to beyond
1 mm. The novelty of the microscope is the tunable long-wavelength, high-
pulse-energy light source. I have demonstrated imaging depths of 1,200 µm for
vasculature and 1,160 µm for neurons. Based on a theoretical model for the
maximum imaging depth of multiphoton microcopy, I estimate the imaging
depth of the OPA system could be extended beyond 1,600 µm and identify
upgrades to the microscope objective and OPA laser system to realize this
depth experimentally. Extending the imaging depth will also require using
bright fluorophores with the optimal excitation wavelength. I have demon-
strated many common fluorophores undergo 2PE and 3PE across the OPA
spectrum, and characterized the brightness of one fluorophore.
Future Work
Future work should aim to continue optimizing the OPA laser sys-
tem and multiphoton microscope optics to further extend imaging depth. A
complete characterization of the brightness of common fluorophores at longer
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wavelength is necessary. Additionally, dyes that do not clear quickly from the
blood stream should be investigated. As the imaging depth increases, the time
it takes to complete a 3D stack also increases. Thus, it is imperative to choose
dyes that are not cleared from the blood stream quickly, but instead maintain
high concentrations throughout the entire imaging session. Fluorescent pro-
teins are a nice solution to the dye-clearing problem, however they face their
own issues. One, it is difficult to label vasculature with fluorescent proteins.
Two, it can be difficult to control the expression of the fluorescent protein,
especially over extended periods of time. One promising route for labeling
neurons is with a viral injection, which our lab has used previously. I expect
the imaging depth can be extended to 2 mm by using bright fluorophores
with two-photon action cross sections near 200 GM and increasing the OPA
excitation power reaching the sample surface.
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